To characterize the interaction between mechanical and fluid transport properties in hypertension, we measured in vivo elastic material constants and hydraulic conductivity in intact segments of carotid arteries in normal and spontaneously hypertensive rats (SHR). With the use of a finite element model, the arterial wall was modeled as a large-deformation, two-phase (solid/fluid) medium, which accounts for the existence and motion of the tissue fluid. Measurements of internal diameter and transmural pressures were obtained during continuous increases in pressure from 0 to 200 mm Hg. Strain and stress components were calculated based on a pseudostrain exponential energy density function. To measure the hydraulic conductivity, segments of the carotid artery were isolated, filled with a 4% oxygenated albumin-Tyrode's solution, and connected to a capillary tube. The movement of the meniscus of the capillary tube represented the fluid filtration across the artery. To study the influence of transmural pressure on hydraulic conductivity, measurement of fluid filtration across the arterial wall was obtained at transmural pressures of 50 and 100 mm Hg. The material constants in the SHR (n=9) were higher (p<0.05 for all variables) than in normal rats (n=10) b6=0.22±0.09 versus 0.123±0.02, respectively. The hydraulic conductivity of the total wall, calculated from the filtration data, was lower (p<0.05) at both 50 and 100 mm Hg in the SHR (n=6) compared with normal rats (n=7): 1.12+0.31x10-8 and 0.72+0.23x10-8 versus 1.95+0.53x10-8 and 1.35+0.47x108 cm/(sec. mm Hg), respectively. The intergroup comparisons between 50 and 100 mm Hg in both SHR and normal rats were also different (p<0.05). The finite element model was used to predict tissue fluid pressure distribution, tissue fluid velocity distribution, and total Cauchy stress gradients developed in the arterial wall during fluid pressurization in both species. From these results, we conclude that 1) it is not adequate to treat the arterial wall as a single-phase, incompressible material because fluid moves across the boundaries of the arterial wall, resulting in a change in tissue volume; therefore, the incompressibility assumption is not valid; 2) hydraulic conductivity is dependent on pressure and may be a function of altered wall strain; 3) measurements of material constants and hydraulic conductivity can define differences in the physical properties of the arterial wall between SHR and normal rats; and 4) finite element models based on large-deformation, materially nonlinear, two-phase theory accurately reproduced the nonlinear stiffening response and the creep response under constant transmural pressure, which was observed experimentally in both species. (Circulation Research 1992;71:145-158 
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Circulation Research Vol 71, No 1 July 1992 arterial wall was a single-phase material, and they incorporated these assumptions into elastic as well as viscoelastic models.4 6 However, the arterial wall is composed of collagen, elastin, and ground substances, and the wall contains fluid that can move relative to the fiber matrix. 7 The existence and motion of the tissue fluid can affect the mechanical response of the artery under deformation and may further influence mass transport.8 9 The transmural pressure affects the state of deformation of the wall tissue as well as the transmural filtration.'0 Theoretical and experimental studies based on thin-and thick-walled elastic tube models have been reported.6"1' To the best of our knowledge, there is no study in which the interaction between mechanical and transport properties in large arteries is considered. Therefore, we designed this study to measure the elastic material properties and hydraulic conductance in large arteries and developed a large-deformation, finite element analysis, based on two-phase media, to study this interaction.
Finite element models (FEMs) based on elastic or viscoelastic material laws have been used to study the mechanics of the arterial wall. 12 The finite element method is a numerical computational technique used to solve complex differential equations. FEMs provide more detailed information about overall motion and deformation, as well as stresses, that develop in the arterial wall. The two-phase analysis model considers the arterial wall as a fiber matrix (solid phase) fully saturated with fluid (fluid phase). Collagen, elastin, and ground substances constitute the solid phase, and the tissue fluid represents the fluid phase. This theory allows us to include the effect of tissue fluid in the mechanics of the arterial wall. Similar theories have been applied to the study of other biological tissue. 13 Recently, we published FEMs based on small-and large-strain, two-phase constitutive relations.'14-1 Given the experimentally observed large strains and the associated nonlinear mechanical properties, a nonlinear FEM is required to accurately characterize the structural response of blood vessels.
The purpose of this study was to examine arterial mechanics, tissue fluid movement, and the dependence of tissue fluid filtration on the state of deformation of the tissue wall. To achieve this, first we measured the material constants and hydraulic conductivity for normal and spontaneously hypertensive rats (SHR) by using intact segments in rat carotid artery in vivo. Our hypothesis was that tissue fluid can move within and across the boundaries of the arterial wall and that the mechanics of the wall can be defined using elastic material constants derived from an exponential strain energy density function and hydraulic conductivity. Because these measurements have never been applied to normal arteries or in models of disease, we tested the physiological importance of this hypothesis by examining whether these material constants and hydraulic conductivity could be used to detect differences between SHR and normal rats. Second, we developed a FEM based on a two-phase theory, which includes tissue fluid motion in the arterial wall. This FEM uses the measured material properties and hydraulic conductivity to quantitate the interactions between transmural wall deformation and relative tissue fluid motion. This interaction was demonstrated by determining transmural deformation, transmural wall stresses, tissue fluid pressure, and filtration distribution across the carotid artery walls in SHR and normal rats. We validated the model by comparing the FEM generated and the measured pressure-volume curve. The FEM accurately reproduced the experimentally measured overall mechanical response. The mechanical significance of the fluid phase in the arterial wall is demonstrated in response to quasi-static loads.
Materials and Methods

Experimental Protocol
Normal Sprague-Dawley rats (380-450 g) and agematched SHR were anesthetized with thiobutarbitol (40 mg/kg i.p.), and a fluid-filled catheter (PE-50) connected to a solid-state pressure transducer (Millar Instruments, Inc., Houston, Tex.) was inserted, via cutdown, into the right femoral artery. This was done to measure arterial pressure and monitor the stability of the preparation throughout the study. The left carotid artery was visualized after cutdown and blunt dissection, and the proximal end of the widely exposed segment was cannulated with a 22-gauge butterfly cannula (0.5 mm i.d.). The distal end of the artery was clamped using a vascular clamp. To ensure that the vessel was maintained at its in vivo length without torsion the clamp was taped to the animal. To measure the axial force in the artery at in vivo length, the proximal end of the artery was connected to an isometric force transducer (model BG-25g, Kulite Semiconductor Products Inc., Leonia, N.J.). The cannula attached to the proximal end of the artery was connected to a three-way stopcock. Oxygenated Tyrode's solution containing 4% albumin and 0.2% Evans blue dye was then flushed gently through the artery to allow a visual check for leakage. To check for endothelial damage, 4% albumin-Tyrode's solution containing 0.2% Evans blue dye was left in the artery for 10 minutes at the end of each experiment and then flushed out. Evans blue staining of the endothelium is readily visible through the thin-walled artery, and data from arteries that showed staining were discarded. At the end of the experiment, the inner surface of the vessel was examined microscopically, and if staining of endothelial cell nuclei was seen with Evans blue dye, the data from these arteries were discarded.
Sodium nitrite (10`4 M) was added to the perfusate to relax the smooth muscle.'8 This technique allowed us to isolate longer segments (.1.5 cm) of the carotid artery.
The exposed part of the carotid was kept completely immersed in body temperature saline. The distance between the clamp and the cannula was kept constant during the experiment to ensure that the measurements were performed at in vivo lengths. The presence of proteins in the perfusate preserved the endothelium and maintained a physiological osmotic pressure across the vessel wall. 19 The integrity of the endothelium was protected 1) by low-flow arterial infusion to avoid high shear stress at the arterial wall, which may damage the endothelium, and 2) by not allowing the artery to collapse to zero pressure. The three-way stopcock was connected to an infusion pump, a height-adjustable reservoir, and a thin polyethylene ( To start the experiment, the pressure in the segment of isolated artery was decreased to 5 mm Hg. The infusion/withdrawal pump was used to raise the pressure from 5 to 200 mm Hg and then reduce it back to 5 mm Hg. Pressure-volume curves for the passive artery, in the presence of NaNO2, were constructed ( Figure 1 ).
This procedure was repeated four to five times within 10 minutes of the time the vessel was isolated. The infusion pressure signal was digitized using an on-line computer equipped with a digitizing board and custom software. The final volumes were normalized by dividing all values by the volume obtained at 5 mm Hg. Continuous values of the artery inner diameter versus pressure were calculated from the infusion pressure-volume curves. External diameter-pressure curves were also constructed. At different transmural pressures, external diameters were measured optically using a telemicroscope (MlOlAT, Gaertner Scientific Corp., Chicago). To ensure that the mechanical properties of the isolated carotid artery remained stable for the 1-2 hours required for the experiment, pressure-volume curves were recorded at the end of the experiment and compared with those recorded at the beginning of the experiment. If differences were noted in the pressurevolume curves, the experiment was discarded. The infusion pump was then replaced by a height-adjustable reservoir filled with the perfusate mentioned above. Hydraulic conductivity was calculated from the slope of the measured relation between meniscus height and time ( Figure 2 ). In multiphase theory, assuming the fiber matrix is fully saturated with tissue fluid, hydraulic porosity is defined as the total volume of fluid within the tissue divided by the total tissue volume. Because arterial tissue and tissue fluid have similar densities, the hydraulic porosity was calculated as the ratio of the total tissue fluid weight and the total tissue weight. To measure the dry weight, the tissue was dried in CaSO4 for 72 hours and weighed every 24 hours until the weight became constant. We assumed that the rate of inflow of perfusate into the lumen when a steady state is achieved is a measure of the filtration rate through the artery wall. Any contribution caused by volume changes in the artery is likely to have been small, and the sodium nitrite was expected to effectively eliminate vasomotion. In preliminary experiments, a constant rate of inflow was observed for as long as 90 minutes after achievement of the steady state.
Because specific interactions between albumin and the capillary wall occur at a perfusate albumin concentration lower than 1%, a higher albumin concentration (4%) was used as the standard solution in the present study.20 The external solution was albumin free and effectively remained so during the course of the experiments because of the low permeability of the wall to albumin. The osmotic pressure, wrc(C), was calculated for a perfusate concentration, C, using the equation21 Irc=2.43C+0.1C2+0.006C3 (1) where irrc is in millimeters of mercury and the albumin concentration, C, is in grams per milliliter. The filtration coefficient (or hydraulic conductivity) of blood vessels is commonly defined by the equation22 i L--P(AP-cr,Air') (2) In each experiment, measured data, 16 values of intraluminal pressure, and corresponding external and internal radii were used in Equations A3 and A4 (see "Appendix") to solve for the material constants. For each experiment, there are 32 simultaneous integral equations to be satisfied. These 32 simultaneous equations were solved by numerical integration and a nonlinear least-squares algorithm that minimizes the sum of the squares of the differences between experimental and predicted data. 26 To study the motion of the tissue fluid and its correlation with the overall vascular response, a second governing equation is needed. This equation relates the rate of relative fluid filtration to the pressure gradient across the vascular wall by a material property that we called hydraulic permeability. In multiphase theory, the hydraulic permeability, k, is defined by the following equation:
where iw=i is the tissue fluid relative (relative to the solid) velocity and afr/dr=vAir/h is the tissue fluid pressure gradient across the arterial wall. This fluid pressure gradient is the result of the hydrostatic and osmotic pressure gradients across the arterial wall (see generalized Darcy's law in "Appendix"). The hydraulic conductivity was calculated from Equation 2, and an average value for the hydraulic permeability was estimated from knowing the hydraulic conductivity by using Equation 5. k=Lph ( 
5) Theoretical Modeling
The experimentally measured in vivo elastic material constants and hydraulic permeability were incorporated into a large-deformation, two-phase, finite element analysis. The arterial wall was modeled as a two-phase (solid/fluid) material; i.e., the material is a fluid-saturated porous medium composed of a tissue fluid (fluid phase) that saturates and flows through the pores of a deformable, porous elastic solid skeleton (solid material phase). The actual structure of soft tissue is rather complex and includes proteins, fibers, and fluid, so the concept of a porous solid matrix as a continuum approximation is introduced to include the presence of unbound fluid in the material. A nonlinear hyperelastic constitutive law was used to describe the solid phase. This study did not consider inherent viscoelasticity in the solid phase. However, we assumed the viscoelastic behavior of the arterial wall is due to the motion of the interstitial fluid relative to the solid skeleton. The interstitial fluid is assumed to be an ideal fluid moving through a porous medium.
The two-phase theory is based on the work of Biot27 and is summarized in "Appendix," with further details provided in previous work from our laboratory.14"6 The formulation is based on a "material" or "Lagrangian" description of the deformation associated with the saturated solid. A "total Lagrangian" view is given in which the undeformed configuration is chosen for a reference. The two-phase constitutive law (Equations A8 and A9 in "Appendix") requires values for the elastic material constants and the hydraulic permeability (see Tables 2 and 3 ). Two additional coupling parameters governing compressibility of the solid and fluid phases (a and Q) are introduced. The solid material components were considered to be incompressible, "hyperelastic" in the "drained" state, while the fluid phase is an incompressible fluid (i.e., a= 1 and Q= m). An exponential-type strain energy density function, W,24 was introduced into an incremental, poroelastic constitutive law that relates the total stress rate to Green's strain rate and tissue fluid pressure rate (Equation A8 in "Appendix"). Inside and outside diameters at zero intraluminal pressure were used in the FEMs (see Table 2 ).
Only It is clear from the above discussion that the class of problems considered here is governed by complicated, highly nonlinear partial differential equations. The solutions of such problems are usually made possible using numerical methods, such as the finite element method combined with an appropriate time integrator.28 Here, the Galerkin approach is used to approximate the ciples of virtual velocities. The theoretical basis for FEMs based on the two-phase material description is also summarized in "Appendix." A one-dimensional (u -7I) finite element procedure is based on the following interpolations: u=u(R,t) =Nu(R)fi(t) and r=,w(R,t) = N,(R)-W(t), where u is the solid displacement and r is the tissue fluid pressure. Nu(R) and N4(R) are the interpolation functions for u and r, respectively. We used one-dimensional axisymmetric rod elements with quadratic displacement and linear fluid pressure functions. The finite element grid consists of 41 elements with bias in the inner and outer boundaries of the arterial segment. The sign convention we used in the FEM is as follows: tensile stress has a positive sign and compressive stress has a negative sign. This sign convention also applies to the tissue fluid pressure (i.e., v is negative if it acts as compressive stress). The boundary value problem describing the structural response of large arteries is discretized spatially, yielding a large set of ordinary differential equations in time of the form Cp+Prnt=Pl , which was integrated temporally with an implicit multipredictor-multicorrector first-order time integrator29 to determine the nodal displacements p in the model. Both the nodal values of the solid displacement (u) and the nodal values of the tissue fluid pressure (v) are contained in p. C is the damping matrix, and pint and P' are the internal and external nodal forces, respectively. Detailed description of the finite element formulation can be found in Reference 14. When the nodal values of the displacements are calculated, volumes, strains, and stresses are determined by the strain-displacement and constitutive laws shown in Equations A6 and A8.
Statistical Analyses
All reported values are the mean+SD. Hemodynamic changes were compared using the unpaired t test. Average pressure-volume data and material constants were compared using an unpaired t test. Hydraulic conductivity for normal and SHR was compared using one-way analysis of variance with the Bonferroni modification. The material constants were obtained after the difference in the raw data of the normal and the SHR was established using a derivative-free nonlinear regression program The passive arterial pressure-volume data are shown in Figure 1 . The pressure-volume curve from the SHR is shifted to the left of that of the normal rats, suggesting a stiffer arterial wall in the SHR. The passive pressurevolume curve for carotid artery showed an S-shaped variation similar to what has been described previously. " In preliminary experiments, active pressure-volume curves, in the absence of sodium nitrite, also showed an S-shaped response shifted to the left relative to the passive curve. Values of internal volume for the carotid artery of the SHR were smaller (p<0.05) compared with normal rats for pressures between 60 and 180 mm Hg, i.e., over the physiological range (Figure 1 Table 2 ).
The longitudinal stretch ratio measured in the right carotid arteries was not different between the two strains ( Table 2 ).
An example of the calculation of hydraulic conductivity is shown in Figure 2 , which defines the linear relation between the capillary meniscus height and time. The slope of this linear relation was used to calculate hydraulic conductivity. The hydraulic conductivity of the total wall, calculated from the filtration data, was lower (p<0.05) at both 50 and 100 mm Hg in the SHR (n=6) Table  3 ). The intergroup comparisons at 50 and 100 mm Hg in both SHR and normal rats were also different (p<c.05). The porosity of the arterial wall, measured as defined in the multiphase theory, was similar in both strains ( Table 3) .
The FEMs based on two-phase analysis used in this study enable us to quantify the coupling between transmural deformation, wall stresses, and tissue fluid filtration across the walls of SHR and normal carotid arteries. The FEMs accurately reproduced the overall undrained, experimentally measured pressure-external diameter curves for the two strains (Figure 3) . Also, the FEMs reproduced the changes with time (creep) in outside diameters of rat carotid arteries subjected to a step load (constant transmural pressure) of 100 mm Hg (Figure 4 ). These data, therefore, validate the applicability of the FEMs.
Figures 5 and 6 illustrate the finite element-predicted transient tissue fluid pressure and relative flow distributions across a carotid artery. Immediately after application of the transmural pressure (t=0+), tissue fluid pressure is constant across the arterial wall, except for thin layers at the inner and outer surfaces of the artery ( Figure 5) . Also, at t=0+ no tissue fluid motion was predicted by the model except for the thin layers at the inner and outer surfaces of the artery (Figure 6 ). However, as time progresses after application of the transmural pressure (t>0), the tissue fluid pressure gradient and fluid filtration become significant and affect the mechanics of the artery. These two observations suggest that it is valid to treat the arterial wall as a single-phase, incompressible material only in the undrained state (t=0+).
Finite element-predicted steady-state tissue fluid pressure distributions across the arterial walls of both strains are shown in Figure 7 . These responses are calculated at in vivo operating pressures for both strains. We obtained a value of 2.1±0.65x10-8 cm/ sec. mm Hg. It is clear from this figure that markedly increased tissue fluid pressure gradients exist in SHR carotid arteries at their physiological arterial pressure. arterial wall is augmented in SHR carotid arteries at their operating pressure.
In the multiphase theory, total wall stress was defined as the sum of solid stress and tissue fluid pressure. At steady state, more pronounced total circumferential and radial Cauchy wall stress gradients were noted in SHR than in normal carotid arteries (Figures 9 and 10) . Discussion In this study, for the first time, quantitative descriptions are given for the mechanical role of the tissue fluid phase in the arterial response to mechanical loads in normal and SHR. The results of this study show that it is important to treat the arterial wall as a two-phase material because fluid moves across the boundaries of the arterial wall, resulting in a change in tissue volume. We also showed that hydraulic conductivity is dependent on pressure and may vary because of altered wall strain. Our measurements of material constants and hydraulic conductivity define physiological differences in the physical properties between SHR and normal rats. This study also quantitates the interaction between Graphic overall deformation, fluid motion, and stress data are presented and related to normal and hypertensive responses. These FEM results are based on the mechanical properties and arterial dimensions measured in this study.
Measurements of the Elastic Material Properties
Measurements of the length-tension and pressurevolume relations do not, in themselves, provide unique , that in animal models of hypertension, the arterial wall is stiffer, we were able to define the material properties coupled with fluid movement across the wall. The usefulness of the strain energy density function approach can be illustrated by examining previous work in which the elasticity modules were used to measure arterial wall mechanics in SHR.1" In that study, although the arterial walls in the SHR were stiffer, the value of the elasticity modules was lower at 100 mm Hg in SHR compared with normal rats. Although the authors could not explain this at the time, it is apparent from our data that when the coefficients c, b1 ... b6, which describe the entire passive response, are measured, the results are consistent with a continuous and homogeneous increase in stress at all levels of strain.
Measurement of Hydraulic Conductance
Because the arterial wall is 70% water and 30% solid by weight and we have shown that fluid can move across the arterial wall, it is most appropriate to use a twophase model to quantify the effect of tissue fluid motion on the overall mechanical response of the arterial wall to measure the mechanical properties. Hydraulic conductivity is a measurement that relates the fluid filtration rate to the pressure gradient across the vascular wall. We calculated the hydraulic conductivity from the slope of meniscus height versus time (Figure 2) . The values that we obtained for hydraulic conductivity are the same order of magnitude as values reported by other investigators using a similar technique for isolated rabbit carotid artery in vitro. 19 We found that hydraulic conductivity was decreased in the SHR. In both the SHR and normal rats, hydraulic conductivity decreased as pressure increased from 50 to 100 mm Hg ( Table 3) . The decrease in hydraulic conductivity suggests that the hydraulic conductivity of both normal and SHR depends on the intraluminal pressure. This dependence may be explained by the fact that higher transmural pressures are associated with higher strains. The interstitium of the artery is composed of an interlinked matrix of collagen and glycosaminoglycans, and such structures are known to offer highly nonlinear resistance to water flow.30 Such behavior may contribute to the nonlinear resistance of the arterial wall.
The differences in material constants and hydraulic conductivity that we found may be explained by the fact that morphological changes, such as smooth muscle hypertrophy, altered connective tissue content (collagen and elastic fibers) and that medial thickening occurred in the vascular wall in hypertension.",2
Because the endothelium has a low permeability to plasma proteins, filtration across the artery wall would be expected to give rise to a concentration polarization boundary layer at the blood/wall interface with the concentration of protein increasing from the bulk value toward the interface.20'31 Under these circumstances, the osmotic contribution to the driving force for filtration is determined by the difference between the osmotic pressure of the polarized layer at the interface and that of the fluid outside the wall. Previous investigators studied the effect of varying the albumin concentration of the perfusate on filtration through the wall of the rabbit carotid artery in vitro. 21 The hydraulic conductivity of the wall was found to depend on the perfusate albumin concentration over the concentration range 0-1%. At higher concentrations the conductivity appeared to become independent of albumin concentration. These results were attributed to specific interactions between albumin and the glycocalyx covering the endothelium where the concentration polarization effects were thought to be insignificant. Consider the interaction of intraluminal pressure and arterial wall. Pressure acts as a normal force on the wall, and its role may be viewed as twofold. First, pressure may interact with the arterial wall through distension or stretching of the wall. This not only produces stresses and strains within the wall, but may also affect the endothelium. Second, because the tissue fluid pressure is higher at the artery's inner surface than at its outer surface, there exists the potential to drive bulk flow across the endothelium and through the wall. The extent to which this occurs will depend on the magnitude of the pressure difference and on the resistance offered by the wall. Osmotic pressure may combine with the hydrostatic pressure in controlling this process. In this study we showed that SHR operate at a higher magnitude of pressure difference and higher flow resistance than normal rats (Tables 1 and 3 ).
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The movement of tissue fluid changes the volume of the tissue, which suggests that the viscoelastic response of the arterial wall may be due to that movement rather than the relaxation of the tissue fibers (solid phase). In other words, the rate of change of volume in the bulk material may be primarily determined by the speed with which fluid can move within the tissue and not by the speed with which the matrix can relax independently of fluid flow. To test this hypothesis, measurements of arterial outside diameter changes were recorded for a period of 30 minutes, after a step load (constant intraluminal pressure) of 100 mm Hg was applied. Then, the finite element-predicted values of these outside diameters were compared against the experimentally measured data (Figure 3) . It is clear from this figure that the finite element-predicted data agree with the experiments. This figure also illustrates the viscoelastic response of the arterial wall caused by tissue fluid movement. These data validate the use of the FEMs to predict wall stresses as well as fluid filtration across the walls of normal and SHR carotid arteries. Previous investigators reported that the rate of uptake of distribution volume for albumin tracer in the media depends on applied stresses, including those arising from smooth muscle tone. 34 Others concluded that the interstitial volume, and consequently the protein space within the media, can be modified both by distending stresses applied to the vessel and by transmural fluid flux.10 Therefore, stress distribution across the arterial walls of both strains was determined. Figures 8 and 9 illustrate the steady-state gradients in total Cauchy stresses that develop in the arterial wall during fluid pressurization. These gradients become more pronounced when pressure is elevated from 100 mm Hg (normal) to 180 mm Hg (hypertension). Such gradients have been noted in normal rabbit arterial wall by other investigators; however, in the present study we can also associate stress and strain gradients with gradients in tissue fluid pressure and the corresponding relative tissue fluid flow. If such stresses become elevated, as in hypertensive arteries (Figure 9 ), it may lead to injury or damage of the endothelial layer of the vessel. Damaged endothelium has been reported to augment macromolecular transport in the arterial wall. 35 The endothelial contribution to the arterial resistance to water flow across an artery wall was estimated to be 10% in the human aorta.37 These considerations have led the same investigators to hypothesize that reduced circumferential stresses decrease fluid movement through the wall and lower the lifting forces that would tend to cause endothelial cell desquamation. These findings were quantified and confirmed in this study (see Figures 7  and 8 ).
Several workers have reported findings suggestive of movement of water and various solutes through the arterial wall from the blood to the adventitial lymphatiCS.34 It has been proposed, furthermore, that this transport is implicated in the development of atherosclerosis. Because the tissue pressure gradient is the driving force for fluid movement in the arterial wall and thus plays a central role in the current theories of atherogenesis, a more precise analysis of tissue pressure distribution in arteries is important. Figures 3 and 4 show the tissue fluid pressure and flux distribution across the arterial wall plotted versus the undeformed radius. At t=0+, the tissue fluid pressure distribution is equivalent to the hydrostatic pressure in an incompressible, nonlinear elastic tube. Also, at t=0+, severe fluid pressure gradients are generated at the inner and outer boundaries of the vessel that will drive fluid into the arterial wall at the inner and outer surfaces. Also, at the same time, there is no fluid flux within the arterial wall except for the thin inner and outer layers. Comparison between Figure 5 and tissue fluid pressure distribution across the wall predicted by small strain theory17 '25 indicates that, at t=0+, the tissue fluid pressure is constant across the wall except in thin layers near the boundaries. It should be noted that the fluctuations of the tissue fluid pressure at t=0+ at the narrow regions in the inner and outer boundaries of the artery are numerical noise. Numerical noise is usually introduced in the solution whenever a discontinuity such as the severe changes in the tissue pressure at the inner surface exists.
As time progresses, the tissue pressure gradient de- unidirectional from the inside surface to the outside surface.
Limitations of the Study
In this study we assume incompressible solid, incompressible fluid, negligible inertia forces, negligible matrix viscoelasticity, and negligible residual stresses. Solid-phase incompressibility is valid when the dilatation of drained (dry) tissue under the applied load is small. Inertia forces associated with the fluid phase are valid because the typical Reynolds number for this type of flow is much less than unity.25 Inertia of the bulk material is negligible provided the natural frequency of the system and the surrounding fluid is large compared with the inverse of the consolidation time. Finally, the effects of matrix viscoelasticity will be negligible provided the matrix relaxation time for volume change is small compared with consolidation time. The assumption that the arterial wall is stress free in the unloaded state may not be appropriate.38 However, it has been used by almost all investigators in arterial mechanics.
Conclusion
Results from this study demonstrated the mechanical and hydraulic property differences in SHR and normal rats. It was also demonstrated that the nonlinear FEMs accurately reproduced the experimentally measured overall mechanical response and determined the interactions between transmural wall deformations and relative tissue fluid motion. These models allowed quantitative study of the mechanical response and fluid transport in normal and hypertensive large arteries. The models showed that higher tissue flux and augmented wall stresses are associated with hypertension. The mechanical significance of the fluid phase in the arterial wall was demonstrated in response to quasi-static loads. The relation between the quantitative results obtained from these FEMs and tissue nutrition, mechanical response, macromolecular transport, and atherosclerosis await future research.
Appendix Brief Description of the Two-Phase Theory
Arterial tissue is considered to be a two-phase (poroelastic) material; i.e., the material is a fluid-saturated porous medium composed of a pore fluid (fluid phase) that saturates and flows through the pores of a deformable, porous elastic solid skeleton (solid material phase). The actual structure of soft tissue is rather complex, including proteins, fibers, and fluid, so the concept of pores in a solid matrix is a continuum approximation introduced to include the presence of unbound fluid. A nonlinear hyperelastic constitutive law is used to describe the solid phase. Inherent viscoelasticity in the solid phase is not considered in this study. However, these effects can be introduced in the future by using the theoretical framework presented below. Detailed derivation of the equations in the following section is provided in Reference 14. Kinematics. The overall motion of the solid is described at a time t by displacement and velocity; i.e., The subscripts i, j, etc., ranging from 1 to 3 and all quantities refer to the same set of rectangular Cartesian coordinates. A superposed dot denotes the material time derivative. The displacements are assumed to be sufficiently large with respect to pore size to allow a continuum view. An "average" fluid motion is used where, for example, the average displacement of the fluid U, is defined so that the volume of the fluid displaced through a unit area of the material perpendicular to the xi axis is nU1. The parameter n is the current hydraulic porosity (in the deformed configuration). Similar averages apply to the fluid velocity and acceleration. Displacement and velocity of the fluid relative to the deforming solid will then be wi=n(Ui-uj)
Assume that the porous material is "saturated" by the fluid.
Then, the current hydraulic porosity is given by n=dVf/dV, where dVf is the current volume of fluid in the pores of the total volume dV at xi and t in the material. The corresponding volume of the solid is dVP containing solid mass din. (Note: Superscripts s and f denote the solid and fluid, respectively, and no summation will ever be implied should they be repetitive in an equation.) The total mass of the material is dm=dms+dWf in volume dV=dVs+dVf and densities can be defined as p= (1 - where F is the axial force needed to keep the artery at the in vivo length that was measured during the pressure-volume experiment. By using least-squares analysis, Equations A3 and A4 were solved for the material constants bl ... b6.
Finite Element Analysis
Biphasic models are composed of a fluid phase (tissue fluid) that saturates and flows through a deformable porous solid skeleton (solid phase).
Large arteries are subjected, in vivo, to large strains and large deformations. The shapes of the deformed artery and the boundary surface are not known. Therefore, it is difficult to express the boundary conditions in the spatial description. It is more convenient to use a referential description. It is customary to choose the reference configuration as the undeformed shape of the body (at time t=O), yielding a "total" Lagrangian formulation. Here the total Lagrangian view of the above problem is used to refer the formulation to the undeformed reference configuration. The subscript R denotes the value of a quantity in the reference configuration. Then dVR is the volume of the porous solid material that was at Xi in the reference configuration and has moved to the deformed position x, In the material description, the mass of the solid is the same in the current configuration and in the reference configuration; i.e., dms=dmsR However, the total mass changes; i.e., dm.dmR since the fluid mass contained in the porous solid changes (i.e., dmfd4R) or fluid flows in or out of the material volume. Densities for the material, the solid, and the fluid in the reference configuration are defined as pR=dmR/dVR, p4=dms/dVR, and pf =dmf/dVRk Assuming a saturated solid, the porosity in the reference configuration is nR=dVVfR /dVR, which quantifies the original amount of fluid in the porous solid. The ratio current volume to reference volume is dV
J=dV where J=IOxi/aXj.
A specialized form of the theory can be developed for the incompressible cases. For the situation in which the solid alone is incompressible, p=P since dms=dm', the following equation relates the current porosity and deformation n=l-J-1(l-nR) Because the fluid stress 7r is of a hydrostatic nature, transformation between the deformed and undeformed configurations is not associated with change of direction. Therefore, tissue pressure stays the same in the two configurations.
Tissue pressure is the conjugate stress to the fluid strain (in the reference configuration.
Governing Equations
The which is a generalized Darcy law referred to the reference configuration. Here the permeability in the reference configuration is defined as ki0=(aXi!ax,)Jk,,,(aXj/ax,).
Constitutive Equation
The solid material is assumed to be nonlinear and hyperelastic and the fluid is assumed to be perfect fluid. and the residual form of the elemental equilibrium approximation becomes q(e) =cp(e)+p(e)int_p(e)ext=o where 4i is residual force.
These first-order differential equations were assembled using the standard finite elements assembly procedure. Then, the time integration was accomplished using an implicit multipredictor multicorrector first-order time integrator proposed by Hughes.29 This process generated a set of nonlinear algebraic equations that were solved for the nodal displacement and the fluid pressure u and 7r. Then, strains were calculated using the strain-displacement relations (Equation A6), and the stresses were calculated using the constitutive equations (A8 and A9).
